The physical principles underlying some current biomedical applications of magnetic nanoparticles are reviewed. Starting from well-known basic concepts, and drawing on examples from biology and biomedicine, the relevant physics of magnetic materials and their responses to applied magnetic fields are surveyed. The way these properties are controlled and used is illustrated with reference to (i) magnetic separation of labelled cells and other biological entities; (ii) therapeutic drug, gene and radionuclide delivery; (iii) radio frequency methods for the catabolism of tumours via hyperthermia; and (iv) contrast enhancement agents for magnetic resonance imaging applications. Future prospects are also discussed.
Introduction
Magnetic nanoparticles offer some attractive possibilities in biomedicine. First, they have controllable sizes ranging from a few nanometres up to tens of nanometres, which places them at dimensions that are smaller than or comparable to those of a cell (10-100 µm), a virus (20-450 nm), a protein (5-50 nm) or a gene (2 nm wide and 10-100 nm long). This means that they can 'get close' to a biological entity of interest. Indeed, they can be coated with biological molecules to make them interact with or bind to a biological entity, thereby providing a controllable means of 'tagging' or addressing it. Second, the nanoparticles are magnetic, which means that they obey Coulomb's law, and can be manipulated by an external magnetic field gradient. This 'action at a distance', combined with the intrinsic penetrability of magnetic fields into human tissue, opens up many applications involving the transport and/or immobilization of magnetic nanoparticles, or of magnetically tagged biological entities. In this way they can be made to deliver a package, such as an anticancer drug, or a cohort of radionuclide atoms, to a targeted region of the body, such as a tumour. Third, the magnetic nanoparticles can be made to resonantly respond to a time-varying magnetic field, with advantageous results related to the transfer of energy from the exciting field to the nanoparticle. For example, the particle can be made to heat up, which leads to their use as hyperthermia agents, delivering toxic amounts of thermal energy to targeted bodies such as tumours; or as chemotherapy and radiotherapy enhancement agents, where a moderate degree of tissue warming results in more effective malignant cell destruction. These, and many other potential applications, are made available in biomedicine as a result of the special physical properties of magnetic nanoparticles.
In this paper we will address the underlying physics of the biomedical applications of magnetic nanoparticles. After reviewing some of the relevant basic concepts of magnetism, including the classification of different magnetic materials and how a magnetic field can exert a force at a distance, we will consider four particular applications: magnetic separation, drug delivery, hyperthermia treatments and magnetic resonance imaging (MRI) contrast enhancement. We will conclude with an outlook on future prospects in this area, especially with regard to the challenges faced in bringing current laboratory-tested technologies into mainstream use. Figure 1 shows a schematic diagram of a blood vessel into which some magnetic nanoparticles have been injected. The magnetic properties of both the injected particles and the ambient biomolecules in the blood stream are illustrated by their different magnetic field response curves. To understand these curves better, we need to be aware of some of the fundamental concepts of magnetism, which will be recalled briefly here. Further details can be found in one of the many excellent textbooks on magnetism (e.g. [1, 2] ).
Basic concepts

M-H curves
If a magnetic material is placed in a magnetic field of strength H, the individual atomic moments in the material contribute to its overall response, the magnetic induction:
where µ 0 is the permeability of free space, and the magnetization M = m/V is the magnetic moment per unit volume, where m is the magnetic moment on a volume V of the material. All materials are magnetic to some extent, with their response depending on their atomic structure and temperature. They may be conveniently classified in terms of their volumetric magnetic susceptibility, χ, where
describes the magnetization induced in a material by H. In SI units χ is dimensionless and both M and H are expressed in A m −1 . Most materials display little magnetism, and even then only in the presence of an applied field; these are classified either as paramagnets, for which χ falls in the range 10 −6 -10 −1 , or diamagnets, with χ in the range −10 −6 to −10 −3 . However, some materials exhibit ordered magnetic states and are magnetic even without a field applied; these are classified as ferromagnets, ferrimagnets and antiferromagnets, where the prefix refers to the nature of the coupling interaction between the electrons within the material [2] . This coupling can give rise to large spontaneous magnetizations; in ferromagnets M is typically 10 4 times larger than would appear otherwise.
The susceptibility in ordered materials depends not just on temperature, but also on H, which gives rise to the characteristic sigmoidal shape of the M-H curve, with M approaching a saturation value at large values of H. Furthermore, in ferromagnetic and ferrimagnetic materials one often sees hysteresis, which is an irreversibility in the magnetization process that is related to the pinning of magnetic domain walls at impurities or grain boundaries within the material, as well as to intrinsic effects such as the magnetic anisotropy of the crystalline lattice. This gives rise to open M-H curves, called hysteresis loops. The shape of these loops are determined in part by particle size: in large particles (of the order micron size or more) there is a multi-domain ground state which leads to a narrow hysteresis loop since it takes relatively little field energy to make the domain walls move; while in smaller particles there is a single domain ground state which leads to a broad hysteresis loop. At even smaller sizes (of the order of tens of nanometres or less) one can see superparamagnetism, where the magnetic moment of the particle as a whole is free to fluctuate in response to thermal energy, while the individual atomic moments maintain their ordered state relative to each other. This leads to the anhysteretic, but still sigmoidal, M-H curve shown in figure 1 .
The underlying physics of superparamagnetism is founded on an activation law for the relaxation time τ of the net magnetization of the particle [3, 4] :
where E is the energy barrier to moment reversal, and k B T is the thermal energy. For non-interacting particles the pre-exponential factor τ 0 is of the order 10 −10 -10 −12 s and only weakly dependent on temperature [4] . The energy barrier has several origins, including both intrinsic and extrinsic effects such as the magnetocrystalline and shape anisotropies, respectively; but in the simplest of cases it has a uniaxial form and is given by E = KV , where K is the anisotropy energy density and V is the particle R168 volume. This direct proportionality between E and V is the reason that superparamagnetism-the thermally activated flipping of the net moment direction-is important for small particles, since for them E is comparable to k B T at, say, room temperature. However, it is important to recognize that observations of superparamagnetism are implicitly dependent not just on temperature, but also on the measurement time τ m of the experimental technique being used (see figure 2) . If τ τ m the flipping is fast relative to the experimental time window and the particles appear to be paramagnetic (PM); while if τ τ m the flipping is slow and quasi-static properties are observed-the so-called 'blocked' state of the system. A 'blocking temperature' T B is defined as the mid-point between these two states, where τ = τ m . In typical experiments τ m can range from the slow to medium timescales of 10 2 s for DC magnetization and 10 −1 -10 −5 s for AC susceptibility, through to the fast timescales of 10 −7 -10 −9 s for 57 Fe Mössbauer spectroscopy.
All of the different magnetic responses discussed above are illustrated in figure 1 for the case of ferromagnetic or ferrimagnetic nanoparticles injected into a blood vessel. Depending on the particle size, the injected material exhibits either a multi-domain, single-domain or superparamagnetic (SPM) M-H curve. The magnetic response of the blood vessel itself includes both a PM response-for example, from the iron-containing haemoglobin molecules, and a diamagnetic (DM) response-for example, from those intra-vessel proteins that comprise only carbon, hydrogen, nitrogen and oxygen atoms. It should be noted that the magnetic signal from the injected particles, whatever their size, far exceeds that from the blood vessel itself. This heightened selectivity is one of the advantageous features of biomedical applications of magnetic nanoparticles.
Returning to the hysteresis which gives rise to the open M-H curves seen for ferromagnets and antiferromagnets, it is clear that energy is needed to overcome the barrier to (a) (b) Figure 2 . Illustration of the concept of superparamagnetism, where the circles depict three magnetic nanoparticles, and the arrows represent the net magnetization direction in those particles. In case (a), at temperatures well below the measurement-technique-dependent blocking temperature T B of the particles, or for relaxation times τ (the time between moment reversals) much longer than the characteristic measurement time τ m , the net moments are quasi-static. In case (b), at temperature well above T B , or for τ much shorter than τ m , the moment reversals are so rapid that in zero external field the time-averaged net moment on the particles is zero.
domain wall motion imposed by the intrinsic anisotropy and microstructural impurities and grain boundaries in the material. This energy is delivered by the applied field, and can be characterized by the area enclosed by the hysteresis loop. This leads to the concept that if one applies a time-varying magnetic field to a ferromagnetic or ferrimagnetic material, one can establish a situation in which there is a constant flow of energy into that material, which will perforce be transferred into thermal energy. This is the physical basis of hyperthermia treatments, which are discussed further in section 5. Note that a similar argument regarding energy transfer can be made for SPM materials, where the energy is needed to coherently align the particle moments to achieve the saturated state; this also is discussed in more detail in section 5.
Forces on magnetic nanoparticles
To understand how a magnetic field may be used to manipulate magnetic nanoparticles, we need to recall some elements of vector field theory. This is not always intuitive, and the reader is directed to recent reviews for further details [5] [6] [7] . It is also important to recognize that a magnetic field gradient is required to exert a force at a distance; a uniform field gives rise to a torque, but no translational action. We start from the definition of the magnetic force acting on a point-like magnetic dipole m:
which can be geometrically interpreted as differentiation with respect to the direction of m. For example, if m = (0, 0, m z ) then m · ∇ = m z (∂/∂z) and a force will be experienced on the dipole provided there is a field gradient in B in the z-direction.
In the case of a magnetic nanoparticle suspended in a weakly DM medium such as water, the total moment on the particle can be written m = V m M, where V m is the volume of the particle and M is its volumetric magnetization, which in turn is given by M = χH, where χ = χ m − χ w is the effective susceptibility of the particle relative to the water. For the case of a dilute suspension of nanoparticles in pure water, we can approximate the overall response of the particles plus water system by B = µ 0 H, so that equation (4) becomes:
Furthermore, provided there are no time-varying electric fields or currents in the medium, we can apply the Maxwell equation ∇ × B = 0 to the following mathematical identity:
to obtain a more intuitive form of equation (5):
in which the magnetic force is related to the differential of the magnetostatic field energy density, 1 2 B · H. Thus, if χ > 0 the magnetic force acts in the direction of steepest ascent of the energy density scalar field. This explains why, for example, when iron filings are brought near the pole of a permanent bar magnet, they are attracted towards that pole. It is also the basis for the biomedical applications of magnetic separation and drug delivery, as will be discussed in sections 3 and 4.
Magnetic separation
Cell labelling and magnetic separation
In biomedicine it is often advantageous to separate out specific biological entities from their native environment in order that concentrated samples may be prepared for subsequent analysis or other use. Magnetic separation using biocompatible nanoparticles is one way to achieve this. It is a two-step process, involving (i) the tagging or labelling of the desired biological entity with magnetic material, and (ii) the separating out of these tagged entities via a fluid-based magnetic separation device.
Tagging is made possible through chemical modification of the surface of the magnetic nanoparticles, usually by coating with biocompatible molecules such as dextran, polyvinyl alcohol (PVA) and phosopholipids-all of which have been used on iron oxide nanoparticles [8] [9] [10] . As well as providing a link between the particle and the target site on a cell or molecule, coating has the advantage of increasing the colloidal stability of the magnetic fluid. Specific binding sites on the surface of cells are targeted by antibodies or other biological macromolecules such as hormones or folic acid [11] [12] [13] . As antibodies specifically bind to their matching antigen this provides a highly accurate way to label cells. For example, magnetic particles coated with immunospecific agents have been successfully bound to red blood cells [8, 14] , lung cancer cells [15] , bacteria [16] , urological cancer cells [17] and Golgi vesicles [18] . For larger entities such as the cells, both magnetic nanoparticles and larger particles can be used: for example, some applications use magnetic 'microspheres'-micron sized agglomerations of sub-micron sized magnetic particles incorporated in a polymeric binder [19] .
The magnetically labelled material is separated from its native solution by passing the fluid mixture through a region in which there is a magnetic field gradient which can immobilize the tagged material via the magnetic force of equation (7). This force needs to overcome the hydrodynamic drag force acting on the magnetic particle in the flowing solution,
where η is the viscosity of the medium surrounding the cell (e.g. water), R m is the radius of the magnetic particle, and v = v m − v w is the difference in velocities of the cell and the water [6] . There is also buoyancy force that affects the motion, but this is dependent on the difference between the density of the cell and the water, and for most cases of interest in biology and medicine can be neglected. Equating the hydrodynamic drag and magnetic forces, and writing V m = 4 3 πR 3 m , gives the velocity of the particle relative to the carrier fluid as:
where ξ is the 'magnetophoretic mobility' of the particle-a parameter that describes how manipulable a magnetic particle is. For example, the magnetophoretic mobility of magnetic microspheres can be much greater than that of nanoparticles, due to their larger size. This can be an advantage, for example, in cell separations, where the experimental timeframe for the separations is correspondingly shorter. On the other hand, smaller magnetic particle sizes can also be advantageous, for example, in reducing the likelihood that the magnetic material will interfere with further tests on the separated cells [20] .
Separator design
Magnetic separator design can be as simple as the application and removal of a permanent magnet to the wall of a test tube to cause aggregation, followed by removal of the supernatant ( figure 3(a) ). However, this method can be limited by slow accumulation rates [21] . It is often preferable to increase the separator efficiency by producing regions of high magnetic field gradient to capture the magnetic nanoparticles as they float or flow by in their carrier medium. A typical way to achieve this is to loosely pack a flow column with a magnetizable matrix of wire (e.g. steel wool) or beads [22] and to pump the magnetically tagged fluid through the column while a field is applied ( figure 3(b) ). This method is faster than in the first case, although problems can arise due to the settling and adsorption of magnetically tagged material on the matrix. An alternative, rapid throughput method which does not involve any obstructions being placed in the column is the use of specifically designed field gradient systems, such as the quadrupolar arrangement shown in figure 4 which creates a magnetic gradient radially outwards from the centre of the flow column [23] .
As well as separating out the magnetically tagged material, the spatially varying magnitude of the field gradient can be used to achieve 'fluid flow fractionation' [24] . This is a process in which the fluid is split at the outlet into fractions containing tagged cells or proteins with differing magnetophoretic mobilities. In a variant of this, the fluid is static while an applied magnetic field is moved up the container [25] . The particles move up the container in the resulting field gradient at a velocity dependent on their magnetophoretic mobility. At the top of the container they enter a removable section and are held here by a permanent magnet. The bottom section of the container moves to the next section, a magnetic field with different strength to the first is applied and the process repeats. The result is a fractionation of the sample into aliquots of differing magnetophoretic mobility.
Applications
Magnetic separation has been successfully applied to many aspects of biomedical and biological research. It has proven to be a highly sensitive technique for the selection of rare tumour cells from blood, and is especially well suited to the separation of low numbers of target cells [26] . This has, for example, led to the enhanced detection of malarial parasites in blood samples either by utilizing the magnetic properties of the parasite [27] or through labelling the red blood cells with an immunospecific magnetic fluid [28] . It has been used as a pre-processing technology for polymerase chain reactions, through which the DNA of a sample is amplified and identified [29] . Cell counting techniques have also been developed. One method estimates the location and number of cells tagged by measuring the magnetic moment of the microsphere tags [30] , while another uses a giant magnetoresistive sensor to measure the location of microspheres attached to a surface layered with a bound analyte [31] . In another application, magnetic separation has been used in combination with optical sensing to perform 'magnetic enzyme linked immunosorbent assays' [32, 33] . These assays use fluorescent enzymes to optically determine the number of cells labelled by the assay enzymes. Typically the target material must first be bound to a solid matrix. In a modification of this procedure the magnetic microspheres act as the surface for initial immobilization of the target material and magnetic separation is used to increase the concentration of the material. The mobility of the magnetic nanoparticles allows a shorter reaction time and a greater volume of reagent to be used than in standard immunoassays where the antibody is bound to a plate. In a variation of this procedure, magnetic separation has been used to localize labelled cells at known locations for cell detection and counting via optical scanning [14] . The cells are labelled both magnetically and fluorescently and move through a magnetic field gradient towards a plate on which lines of ferromagnetic material have been lithographically etched. The cells align along these lines and the fluorescent tag is used for optical detection of the cells.
Drug delivery
Motivation and physical principles
The major disadvantage of most chemotherapies is that they are relatively non-specific. The therapeutic drugs are administered intravenously leading to general systemic distribution, resulting in deleterious side-effects as the drug attacks normal, healthy cells in addition to the target tumour cells. For example, the side effects of anti-inflammatory drugs on patients who have chronic arthritis can lead to the discontinuation of their use. However, if such treatments could be localized, e.g. to the site of a joint, then the continued use of these very potent and effective agents could be made possible.
Recognition of this led researchers in the late 1970s to propose the use of magnetic carriers to target specific sites (generally cancerous tumours) within the body [34] [35] [36] . The objectives are two-fold: (i) to reduce the amount of systemic distribution of the cytotoxic drug, thus reducing the associated side-effects; and (ii) to reduce the dosage required by more efficient, localized targeting of the drug. In magnetically targeted therapy, a cytotoxic drug is attached to a biocompatible magnetic nanoparticle carrier. These drug/carrier complexes-usually in the form of a biocompatible ferrofluid-are injected into the patient via the circulatory system. When the particles have entered the bloodstream, external, high-gradient magnetic fields are used to concentrate the complex at a specific target site within the body ( figure 5 ). Once the drug/carrier is concentrated at the target, the drug can be released either via enzymatic activity or changes in physiological conditions such as pH, osmolality, or temperature [37] , and be taken up by the tumour cells. This system, in theory, has major advantages over the normal, non-targeted methods of cytotoxic drug therapy.
The physical principles underlying magnetic targeting therapy are similar to those used in magnetic separation, and are derived from the magnetic force exerted on a SPM nanoparticle by a magnetic field gradient, as in equation (7). The effectiveness of the therapy is dependent on several physical parameters, including the field strength, gradient and volumetric and magnetic properties of the particles. As the carriers (ferrofluids) are normally administered intravenously or intra-arterially, hydrodynamic parameters such as blood flow rate, ferrofluid concentration, infusion route and circulation time also will play a major role-as will physiological parameters such as tissue depth to the target site (i.e. distance from the magnetic field source), reversibility and strength of the drug/carrier binding, and tumour volume [38] . In general, larger particles (e.g. magnetic microspheres, ca 1 µm in diameter, comprising agglomerates of SPM particles) are more effective at withstanding flow dynamics within the circulatory system-particularly in larger veins and arteries. In most cases the magnetic field gradient is generated by a strong permanent magnet, such as Nd-Fe-B, fixed outside the body over the target site. Preliminary investigations of the hydrodynamics of drug targeting suggest that for most magnetite-based carriers, flux densities at the target site must be of the order of 0.2 T with field gradients of approximately 8 T m −1 for femoral arteries and greater than 100 T m −1 for cartoid arteries [39] . This suggests that targeting is likely to be most effective in regions of slower blood flow, particularly if the target site is closer to the magnet source. More recently, Richardson and others have developed mathematical models to determine particle trajectories for a variety of field/particle configurations in two dimensions, including consideration of their motion as they approach the vessel wall [40] . This is significant since near the walls the particle motion is no longer governed by Stoke's law for the drag force, equation (8) , and the hydrodynamic parameters are modified. Experimental work is underway to inform the development of such models [41] .
Magnetic drug carriers
Since the first magnetic polymer carriers of the 1970s, a variety of magnetic nanoparticle and microparticle carriers have been developed to deliver drugs to specific target sites in vivo. The optimization of these carriers continues today. Generally, the magnetic component of the particle is coated by a biocompatible polymer such as PVA or dextran, although recently inorganic coatings such as silica have been developed. The coating acts to shield the magnetic particle from the surrounding environment and can also be functionalized by attaching carboxyl groups, biotin, avidin, carbodi-imide and other molecules [42] [43] [44] . As shown in figure 6 , these molecules then act as attachment points for the coupling of cytotoxic drugs or target antibodies to the carrier complex.
The carriers typically have one of two structural configurations: (i) a magnetic particle core (usually magnetite, polymer or (ii) a porous biocompatible polymer in which magnetic nanoparticles are precipitated inside the pores [45] . Recent developmental work on carriers has largely focused on new polymeric or inorganic coatings on magnetite/maghemite nanoparticles [10, [46] [47] [48] [49] [50] [51] [52] , although noble metal coatings such as gold are also being considered [53] . Research also continues into alternative magnetic particles, such as iron, cobalt or nickel [54] [55] [56] or yttrium aluminium iron garnet [57] . Cobalt/silica carriers are currently being investigated for their use in eye surgery to repair detached retinas [58, 59] .
Targeting studies
Magnetic carriers were first used to target cytotoxic drugs (doxorubicin) to sarcoma tumours implanted in rat tails [60] . The initial results were encouraging, showing a total remission of the sarcomas compared to no remission in another group of rats which were administered with ten times the dose but without magnetic targeting. Since that study, success in cytotoxic drug delivery and tumour remission has been reported by several groups using animals models including swine [61, 62] , rabbits [37] and rats [38, 63, 64] . Kubo et al recently offered a variation on these techniques. They implanted permanent magnets at solid osteosarcoma sites in hamsters and delivered the cytotoxic compounds via magnetic liposomes. They reported a four-fold increase in cytotoxic drug delivery to the osteosarcoma sites when compared with normal intravenous (non-magnetic) delivery [65] , as well as a significant increase in anti-tumour activity and the elimination of weight-loss as a side effect [66] .
This technique has also been employed to target cytotoxic drugs to brain tumours. Brain tumours are particularly difficult targets due to the fact that the drug must cross the blood-brain barrier. Pulfer and Gallo [63] demonstrated that particles as large as 1-2 µm could be concentrated at the site of intracerebral rat glioma-2 (RG-2) tumours. Though the concentration of the particles in the tumour was low, it was significantly higher than non-magnetic particles. In a later study the group demonstrated that 10-20 nm magnetic particles were even more effective at targeting these tumours in rats [64] . Electron microscopic analysis of brain tissue samples revealed the presence of magnetic carriers in the interstitial space in tumours but in normal brain tissue, they were only found in the vasculature. Mykhaylyk and others [67] recently had less success using magnetite-dextran nanoparticles but were able to target rat glial tumours by disrupting the blood-brain barrier immediately prior to particle injection.
Studies of magnetic targeting in humans were rare up to now. A Phase I clinical trial conducted by Lübbe and others [68] [69] [70] demonstrated that the infusion of ferrofluids was well tolerated in most of the 14 patients studied. In addition, the authors reported that the ferrofluid was successfully directed to the advanced sarcomas without associated organ toxicity. More recently, FeRx Inc. was granted fast-track status to proceed with multi-centre Phases I and II clinical trials of their magnetic targeting system for hepatocellular carcinomas (a type of liver tumour). This appears to be the most promising clinical application at present.
As promising as these results have been, there are several problems associated with magnetically targeted drug delivery [38, 71] . These limitations include (i) the possibility of embolization of the blood vessels in the target region due to accumulation of the magnetic carriers, (ii) difficulties in scaling up from animal models due to the larger distances between the target site and the magnet, (iii) once the drug is released, it is no longer attracted to the magnetic field, and (iv) toxic responses to the magnetic carriers. Recent pre-clinical and experimental results indicate, however, that it is still possible to overcome these limitations and use magnetic targeting to improve drug retention and also address safety issues [68, 72] .
Radionuclide and gene delivery
One way to overcome the limitation caused by the release of the drug from the carrier is to use a system in which the therapeutic agent remains coupled to the magnetic carrier throughout the duration of the treatment. Based on this idea, the possibility of targeting radionuclides via magnetic carriers has been investigated. The advantage these complexes have over cytotoxic drug/magnetic carrier complexes is that the effectiveness of the radionuclide does not require the tumour cells to actually take up the agent. If the radionuclide is targeted to a region near the tumour site and held there, the radiation will affect the surrounding tumour tissue while it is still attached to the magnetic carrier. This type of system was tested in 1995 using in vitro and mouse models. In both cases, targeting of a magnetic carrier coupled to a β-emitter (Y-90) was effective at concentrating radiation to the desired site. In the mouse tumour model, there was a significant increase in radioactivity at the tumour site compared to using the same complex without a magnetic field: 73 ± 32% vs 6 ± 4% [73] . Since this study, Häfeli and others [74] [75] [76] have demonstrated the effectiveness of this technique in both animal and cell culture studies using both yttrium-90 and rhenium-188.
Investigations also have begun with a view towards using magnetic carriers for gene therapy. In this case, a viral vector carrying the therapeutic gene is coated onto the magnetic carrier's surface. By holding the carrier at the target site via external magnetic fields, the virus is in contact with the tissue for a longer period of time, increasing the efficiency of gene transfection and expression [77, 78] . New magnetic carriers are being developed specifically for these applications [79] and this is an area which shows great promise.
Hyperthermia
Catabolism of tumours by hyperthermia
The possibility of treating cancer by artificially induced hyperthermia has led to the development of many different devices designed to heat malignant cells while sparing surrounding healthy tissue [80] [81] [82] . Experimental investigations of the application of magnetic materials for hyperthermia date back to 1957 when Gilchrist et al [83] heated various tissue samples with 20-100 nm size particles of γ -Fe 2 O 3 exposed to a 1.2 MHz magnetic field. Since then there have been numerous publications describing a variety of schemes using different types of magnetic materials, different field strengths and frequencies and different methods of encapsulation and delivery of the particles [84] [85] [86] [87] [88] [89] [90] [91] [92] [93] [94] [95] [96] [97] [98] [99] [100] [101] [102] . In broad terms, the procedure involves dispersing magnetic particles throughout the target tissue, and then applying an AC magnetic field of sufficient strength and frequency to cause the particles to heat. This heat conducts into the immediately surrounding diseased tissue whereby, if the temperature can be maintained above the therapeutic threshold of 42˚C for 30 min or more, the cancer is destroyed. Whereas the majority of hyperthermia devices are restricted in their utility because of unacceptable coincidental heating of healthy tissue, magnetic particle hyperthermia is appealing because it offers a way to ensure only the intended target tissue is heated (see figure 7 ).
Operational constraints
A number of studies have demonstrated the therapeutic efficacy of this form of treatment in animal models (see, e.g. the review by Moroz et al [103] ). To date, however, there have been no reports of the successful application of this technology to the treatment of a human patient. The challenge lies in being able to deliver an adequate quantity of the magnetic particles to generate enough heat in the target using AC magnetic field conditions that are clinically acceptable. Most of the laboratory and animal model based studies reported so far are characterized by the use of magnetic field conditions that could not be safely used with a human patient. In most instances, reducing the field strength or frequency to safer levels would almost certainly lead to such a reduction in the heat output from the magnetic material as to render it useless in this application.
It is important therefore to understand the underlying physical mechanisms by which heat is generated in small magnetic particles by alternating magnetic fields. Enough heat must be generated by the particles to sustain tissue temperatures of at least 42˚C for 30 min or so. Calculating the heat deposition rate required to achieve this is complicated by the presence of blood flow and tissue perfusion, both of which are dominant sources of tissue cooling and both of which vary actively as tissue is heated. Several authors have analysed the heat transfer problem whereby a defined volume of tissue is heated from within by evenly dispersed sources such as microscopic magnetic particles [104] [105] [106] . The problem posed by the cooling from discrete blood vessels is generally avoided because of the mathematical complexity and lack of generality of the results. However, an often-used rule of thumb is that a heat deposition rate of 100 mW cm −3 of tissue will suffice in most circumstances.
The frequency and strength of the externally applied AC magnetic field used to generate the heating is limited by deleterious physiological responses to high frequency magnetic fields [107, 108] . These include stimulation of peripheral and skeletal muscles, possible cardiac stimulation and arrhythmia, and non-specific inductive heating of tissue. Generally, the useable range of frequencies and amplitudes is considered to be f = 0.05-1.2 MHz and H = 0-15 kA m −1 . Experimental data on exposure to much higher frequency fields comes from groups such as Oleson et al [109] who developed a hyperthermia system based on inductive heating of tissue, and Atkinson et al [110] who developed a treatment system based on eddy current heating of implantable metal thermoseeds. Atkinson et al concluded that exposure to fields where the product H · f does not exceed 4.85 × 10 8 A m −1 s −1 is safe and tolerable.
The amount of magnetic material required to produce the required temperatures depends to a large extent on the method of administration. For example, direct injection allows for substantially greater quantities of material to be localized in a tumour than do methods employing intravascular administration or antibody targeting, although the latter two may have other advantages. A reasonable assumption is that ca 5-10 mg of magnetic material concentrated in each cm 3 of tumour tissue is appropriate for magnetic hyperthermia in human patients.
Regarding the choice of magnetic particle, the iron oxides magnetite (Fe 3 O 4 ) and maghemite (γ -Fe 2 O 3 ) are the most studied to date because of their generally appropriate magnetic properties and biological compatibility, although many others have been investigated. Particle sizes less than about 10 µm are normally considered small enough to enable effective delivery to the site of the cancer, either via encapsulation in a larger moiety or suspension in some sort of carrier fluid. Nanoscale particles can be coupled with antibodies to facilitate targeting on an individual cell basis. Candidate materials are divided into two main classes; ferromagnetic or ferrimagnetic (FM) single domain or multi-domain particles, or SPM particles. The heat generating mechanisms associated with each class are quite different, each offering unique advantages and disadvantages, as discussed later.
Heating mechanisms
FM particles possess hysteretic properties when exposed to a time varying magnetic field, which gives rise to magnetically induced heating. The amount of heat generated per unit volume is given by the frequency multiplied by the area of the hysteresis loop:
This formula ignores other possible mechanisms for magnetically induced heating such as eddy current heating and ferromagnetic resonance, but these are generally irrelevant in the present context. The particles used for magnetic hyperthermia are much too small and the AC field frequencies much too low for the generation of any substantial eddy currents. Ferromagnetic resonance effects may become relevant but only at frequencies far in excess of those generally considered appropriate for this type of hyperthermia. For FM particles well above the SPM size limit there is no implicit frequency dependence in the integral of equation (10), so P FM can be readily determined from quasi-static measurements of the hysteresis loop using, for example, a VSM or SQUID magnetometer. As discussed in section 2, the re-orientation and growth of spontaneously magnetized domains within a given FM particle depends on both microstructural features such as vacancies, impurities or grain boundaries, and intrinsic features such as the magnetocrystalline anisotropy as well as the shape and size of the particle. In most cases it is not possible to predict a priori what the hysteresis loop will look like.
In principle, substantial hysteresis heating of the FM particles could be obtained using strongly anisotropic magnets such as Nd-Fe-B or Sm-Co; however, the constraints on the amplitude of H that can be used mean that fully saturated loops cannot be used. Minor (unsaturated) loops could be used, and would give rise to heating, but only at much reduced levels. In fact, as is evident in equation (10), the maximum realizable P FM should involve a rectangular hysteresis loop. However, this could only be achieved with an ensemble of uniaxial particles perfectly aligned with H , a configuration that would be difficult if not impossible to achieve in vivo. For a more realistic ensemble of randomly aligned FM particles the most that can be hoped for is around 25% of this ideal maximum.
However, over the last decade the field of magnetic particle hyperthermia has been revitalized by the advent of 'magnetic fluid hyperthermia', where the magnetic entities are SPM nanoparticles suspended in water or a hydrocarbon fluid to make a 'magnetic fluid' or 'ferrofluid' [98, 111, 112] . When a ferrofluid is removed from a magnetic field its magnetization relaxes back to zero due to the ambient thermal energy of its environment. This relaxation can correspond either to the physical rotation of the particles themselves within the fluid, or rotation of the atomic magnetic moments within each particle. Rotation of the particles is referred to as 'Brownian rotation' while rotation of the moment within each particle is known as 'Néel relaxation'. Each of these processes is characterized by a relaxation time: τ B for the Brownian process depends on the hydrodynamic properties of the fluid; while τ N for the Néel process is determined by the magnetic anisotropy energy of the SPM particles relative to the thermal energy. Both Brownian and Néel processes may be present in a ferrofluid, whereas only τ N is relevant in fixed SPM particles where no physical rotation of the particle is possible. The relaxation times τ B and τ N depend differently on particle size; losses due to Brownian rotation are generally maximized at a lower frequency than are those due to Néel relaxation for a given size.
The physical basis of the heating of SPM particles by AC magnetic fields has been reviewed by Rosensweig [113] . It is based on the Debye model, which was originally developed to describe the dielectric dispersion in polar fluids [114] , and the recognition that the finite rate of change of M in a ferrofluid means that it will lag behind H . For small field amplitudes, and assuming minimal interactions between the constituent SPM particles, the response of the magnetization of a ferrofluid to an AC field can be described in terms of its complex susceptibility χ = χ + iχ , where both χ and χ are frequency dependent. The out-of-phase χ component results in heat generation given by [113] :
which can be interpreted physically as meaning that if M lags H there is a positive conversion of magnetic energy into internal energy. This simple theory compares favourably with experimental results, for example, in predicting a square dependence of P SPM on H [91] , and the dependence of χ on the driving frequency [115] [116] [117] . Measurements of the heat generation from magnetic particles are usually quoted in terms of the specific absorption rate (SAR) in units of W g −1 . Multiplying the SAR by the density of the particle yields P FM and P SPM , so the parameter allows comparison of the efficacies of magnetic particles covering all the size ranges [88, 111, [118] [119] [120] [121] . It is clear from such comparisons that most real FM materials require applied field strengths of ca 100 kA m −1 or more before they approach a fully saturated loop, and therefore only minor hysteresis loops can be utilized given the operational constraint of ca 15 kA m −1 , giving rise to low SARs. In contrast, SPM materials are capable of generating impressive levels of heating at lower fields. For example, the best of the ferrofluids reported by Hergt et al [121] has a SAR of 45 W g −1 at 6.5 kA m −1
and 300 kHz which extrapolates to 209 W g −1 for 14 kA m −1 , compared to 75 W g −1 at 14 kA m −1 for the best FM magnetite sample. While all of these samples would be adequate for magnetic particle hyperthermia, importantly, it seems clear that ferrofluids and SPM particles are more likely to offer useful heating using lower magnetic field strengths.
MRI contrast enhancement
Physical principles
MRI relies on the counterbalance between the exceedingly small magnetic moment on a proton, and the exceedingly large number of protons present in biological tissue, which leads to a measurable effect in the presence of large magnetic fields [122, 123] . Thus, even though the effect of a steady state field of B 0 = 1 T on a collection of protons, such as the hydrogen nuclei in a water molecule, is so small that it is equivalent to only three of every million proton moments m being aligned parallel to B 0 , there are so many protons available-6.6×10
19 in every mm 3 of water-that the effective signal, 2 × 10 14 proton moments per mm 3 , is observable. As illustrated in figure 8 , this signal can be captured by making use of resonant absorption: applying a time-varying magnetic field in a plane perpendicular to B 0 , tuned to the Larmor precession frequency ω 0 = γ B 0 of the protons. For 1 H protons the gyromagnetic ratio γ = 2.67 × 10 8 rad s −1 T −1 , so that in a field of B 0 = 1 T the Larmor precession frequency corresponds to a radio frequency field with ω 0 /2π = 42.57 MHz. In practice the radio frequency transverse field is applied in a pulsed sequence, of duration sufficient to derive a coherent response from the net magnetic moment of the protons in the MRI scanner. From the instant that the radio frequency pulse is turned off the relaxation of the coherent response is measured via induced currents in pick-up coils in the scanner. These resonantly tuned detection coils enhance the signal by a quality factor of ca 50-100. As shown in figure 8, the z-axis these relaxation signals are of the form:
and
where T 1 and T 2 are the longitudinal (or spin-lattice) and transverse (or spin-spin) relaxation times, respectively, and φ is a phase constant. The longitudinal relaxation reflects a loss of energy, as heat, from the system to its surrounding 'lattice', and is primarily a measure of the dipolar coupling of the proton moments to their surroundings. The relaxation in the xy-plane is relatively rapid, and is driven by the loss of phase coherence in the precessing protons due to their magnetic interactions with each other and with other fluctuating moments in the tissue. Dephasing can also be affected by local inhomogeneities in the applied longitudinal field, leading to the replacement of T 2 in equation (13) by the shorter relaxation time, T * 2 :
where B 0 is the variation in the field brought about either through distortions in the homogeneity of the applied field itself, or by local variations in the magnetic susceptibility of the system [124, 125] .
MRI contrast enhancement studies
Both T 1 and T * 2 can be shortened by the use of a magnetic contrast agent. The most common contrast agents currently used are PM gadolinium ion complexes, although agents based on SPM nanoparticles are commercially available, such as 'Feridex I. V.', an iron oxide contrast agent marketed by Advanced Magnetics Inc. for the organ-specific targeting of liver lesions. The SPM particles used are magnetically saturated in the normal range of magnetic field strengths used in MRI scanners, thereby establishing a substantial locally perturbing dipolar field which leads, via equation (14) , to a marked shortening of T * 2 (see figure 9 ) along with a less marked reduction of T 1 [123] . Iron oxide nanoparticles are the most commonly used SPM contrast agents.
Dextran coated iron oxides are biocompatible and are excreted via the liver after the treatment. They are selectively taken up by the reticuloendothelial system, a network of cells lining blood vessels whose function is to remove foreign substances from the bloodstream; MRI contrast relies on the differential uptake of different tissues [126] . There is also a size effect: nanoparticles with diameters of ca 30 nm or more are rapidly collected by the liver and spleen, while particles with sizes of ca 10 nm or less are not so easily recognized. The smaller particles therefore have a longer half-life in the blood stream and are collected by reticuloendothelial cells throughout the body, including those in the lymph nodes and bone marrow [127, 128] . Similarly, such agents have been used to visualize the vascular system [129] , and to image the central nervous system [130] . It is also notable that tumour cells do not have the effective reticuloendothelial system of healthy cells, so that their relaxation times are not altered by the contrast agents. This has been used, for example, to assist the identification of malignant lymph nodes [131] , liver tumours [132] and brain tumours [133] .
Iron oxide nanoparticles also lend themselves to encapsulation into target-specific agents, such as a liposome that is known to localize in the bone marrow [134] . Dendrimer coatings comprising a highly branched polymer structure that has a high rate of non-cell-specific binding and intracellular uptake have also been used to good effect [135] , as has the use of lipofection agents, normally used to carry DNA into the cell nucleus, to enable intracellular incorporation of the magnetic nanoparticles into stem cells [136] . Magnetic nanoparticles have also been utilized for the in vivo monitoring of gene expression, a process in which cells are engineered to overexpress a given gene. This process leads to the production of increased numbers of certain cell wall receptors, which in turn can be targeted using specially coated nanoparticles, thereby allowing a differentiation between the expressing cells and their surroundings [137] . Another aspect of the targeting of cell receptors has been to selectively study cells that are in the process of cell death [138] .
Discussion and future prospects
In this paper we have reviewed some basic concepts regarding the interactions between magnetic nanoparticles and a static or time-varying external magnetic field, and shown how these pertain to current biomedical applications of magnetic nanoparticles. We have focused in particular on magnetic separation, drug delivery, hyperthermia and MRI contrast enhancement, although these are only four of the many biomedical applications of magnetic nanoparticles that are currently being explored. For example, research is being conducted into magnetic twisting cytometry, a process in which ferromagnetic microspheres are bound to specific receptors on a cell wall. Changing the direction of an applied magnetic field twists the microsphere by a measurable amount, which can then be related to the mechanical properties of the cell membrane and cytoskeleton [139] [140] [141] [142] [143] . Magnetic nanoparticles are also being tested for tissue engineering applications, for example, in the mechanical conditioning of cells growing in culture [144] [145] [146] . In such systems magnetic particles are attached to either the cell membrane, or to mechanosensitive ion channels in the membrane, and a magnetic force is applied which activates the channels and initiates biochemical reactions within the cell, thereby promoting the growth of e.g. functional bone and cartilage. A third example is magnetic biosensing: using magnetic nanoparticles coupled to analyte-specific molecules to detect target molecules via the crosslinking between coatings and the resultant aggregation of the magnetic particles, monitored by changes in proton relaxation times on a bench-top nuclear magnetic resonance system [147, 148] .
One thing that almost all of these applications have in common, however, is that they are not yet market-based technologies. The exceptions are magnetic separation via cell and protein labelling, which is found in most biomedical and biochemistry laboratories today, and MRI contrast enhancement using encapsulated SPM nanoparticles, which is available (albeit not routinely used) in most hospital scanning facilities. Drug delivery via coating of nanoparticles is currently undergoing preliminary human trials, after successful tests in animals, with promising results, but it will be some time before it will be clinically available; and hyperthermia treatment of tumours is not yet accessible in humans, despite having been proven to be effective in animals. This highlights the fact that there is a significant step between a proven hypothetical process that has been tested under controlled laboratory conditions, and a close-to-market technology which can cope with the added complexity of in-service use. This is especially so if the goal is to transfer a procedure that has largely been the subject of in vitro or animal in vivo testing into a human in vivo therapy.
In short, one of the biggest challenges in biomedical applications of magnetic nanoparticles lies in dealing with the issue of technology transfer. There are opportunities in this respect for more interdisciplinary approaches, for example, to ensure that the laboratory based experiments can more explicitly emulate the expected conditions that would be encountered in vivo. There is also scope for significant contributions via the mathematical modelling of complex systems, with the objective of understanding more specifically the full gamut of physical phenomena and effects that together determine whether, in the final analysis, a given application will be successful.
